The combination of biodegradable metals and additive manufacturing (AM) leads to a revolutionary change of metal implants in many aspects including materials, design, manufacturing, and clinical applications. The AM of nondegradable metals such as titanium and CoCr alloys has proven to be a tremendous success in clinical applications. The AM of biodegradable metals including magnesium (Mg), iron (Fe), and zinc (Zn) is still in its infancy, although much progress has been made in the research field. Element loss and porosity are common processing problems for AM of biodegradable metals like Zn and Mg, which are mainly caused by evaporation during melting under a high-energy beam. The resulting formation quality and properties are closely related to material, design, and processing, making AM of biodegradable metals a typical interdisciplinary subject involving biomaterials, mechanical engineering, and medicine. This work reviews the state of research and future perspective on AM of biodegradable metals from extensive viewpoints such as material, processing, formation quality, design, microstructure, and properties. Effects of powder properties and processing parameters on formation quality are characterized in detail. The microstructure and metallurgical defects encountered in the AM parts are described. Mechanical and biodegradable properties of AM samples are introduced. Design principles and potential applications of biodegradable metal implants produced by AM are discussed. Finally, current research status is summarized together with some proposed future perspectives for advancing knowledge about AM of biodegradable metals.
Introduction

Biodegradable metals and their medical applications
Biodegradable metals are expected to corrode gradually in vivo, with an appropriate host response elicited by released corrosion products, which can pass through or be metabolized or assimilated by cells and/or tissue, and then dissolve completely upon fulfilling the mission to assist with tissue healing with no implant residues [1] . The term ''biodegradable metals" is identical to ''absorbable metallic materials" in ASTM-F3160. Terms such as absorbable, bioabsorbable, and bioresorbable metals are also used, which essentially refer to the same meaning as the above definition [2] [3] [4] . Biodegradable metals are generally divided into three main families: Mg, Fe, and Zn. Among the three families, Fe is considered to be easy to manufacture and has the highest mechanical strength; the biocompatibility of Mg is the best, and its mechanical properties are most close to human bone as a bulk metal; the corrosion rate of Zn ranges between that of Mg and Fe and approaches to the ideal value for biodegradable applications [2, 3] . Since 2000s, biodegradable alloys as well as their manufacturing methods have been developed in the aforementioned three families to obtain ideally balanced performance. Biodegradable metals have become a very active research field involving multidisciplinary subjects such as material science, manufacturing, biology, and medicine. It is worth mentioning several notable review papers that highlighted the current state of research in the field of biodegradable metals [1, 2, 5] . Additionally, another noteworthy research activity is that, since 2009, the International Symposium on Degradable Metals has been held consecutively 10 times and has been a platform that connects research and application [6] .
Biodegradable metals are suitable for the application of temporary implants such as vascular stents, bone fixture, and bone grafting, in which human tissues/organs can regenerate themselves. Nondegradable metals are a better choice for teeth and joints, which do not have self-healing function. Mg-and Fe-based biodegradable metal implants have been clinically proven in recent years. With the exception of some immature early attempts, the first biodegradable scaffolds were based on Mg alloy and were applied to 20 patients in the inferior genicular arteries in 2004 according to Witte [7] . After more than 10 years of effort, Biotronik (Berlin, Germany) launched a magnesium coronary stent, called Magmaris, and received the CE Mark in 2016 as the first clinically proven biodegradable metal scaffold in the world [8, 9] . It was made of Mg-RE alloy, so-called WE43, and was reported to be available soon in a wider market [2] . Further, a Chinese company, Lifetech Scientific, launched the first human study to assess the feasibility of biodegradable Fe stents in March 2018 [10] . The clinical applications of biodegradable Mg-based metal bone screws were reported in Germany [11] , Korea [12] , and China [9] .
Bone has the ability to regenerate and self-repair in response to mechanical stimuli. A surgical trauma can induce the activation of bone regeneration [13] . However, a large bone defect requires extraneous bone grafting to promote bone repair [14] . Nondegradable metals like Ti alloys have been used as the material for bone grafting. Ti alloy implants can bear the load, transfer mechanical stimuli to bones, and promote bone growth. However, they cannot be absorbed and become barriers to complete reconstruction of bones. Many hidden problems may exist, especially for teenager patients whose bones are still developing [3] . Biodegradation is considered a necessary characteristic for ideal bone grafting. The degradation itself provides space for bone growth and increases bioactivity. At the same time, the degradation products like Mg ion exhibit a positive effect on the promotion of bone regeneration [15] .
Although biodegradable metals have shown potential advantages for bone grafting, research in this field lacks solid development. One of the main reasons is the difficulty in manufacturing biodegradable metal porous scaffolds with customized macromicro geometry. Porous scaffolds are expected in the field of bone grafting owing to their advantages of adjustable mechanical strength and adequate permeability for the ingrowth of cells [16] . Traditional manufacturing methods such as casting, sintering, foaming, and chemical vapor deposition have been used for manufacturing biodegradable metal porous scaffolds [17] [18] [19] . Their applications are limited because they are unable to control the number, shape, and size of pores, let alone the customized geometry, which, in theory, should exactly match the anatomy of patients. Thus far, no clinical application of biodegradable metal porous scaffolds has been reported.
Additive manufacturing of metal implants
Additive manufacturing (AM), commonly known as 3D printing, is a group of production processes that ASTM defines as ''a process of joining materials to create objects from 3D model data, usually layer upon layer." AM technology has been developed during the last two decades and divided into 7 families of methods in accordance with ASTM F2792-12a. AM technology has been considered as an ideal method for biofabrication because it significantly reduces the technical difficulty and cost of customized production [14] . Among all the established AM methods, powder bed fusion (PBF) is the most widely used method for the production of metal implants. PBF processes use high-energy density sources including laser (L-PBF) and electron beam (EB-PBF) to selectively melt regions of metal powders according to computer-aided design (CAD) data. When the selective melting of one layer is completed, the building platform is lowered to a predetermined distance, and the next layer of powder is deposited on the platform. The process is then repeated with successive layers of powder until the required part is completely built [20, 21] . Fig. 1 illustrates a typical setup of a L-PBF machine [22] .
A smaller beam spot, a finer powder, and a thinner layer endow PBF with better dimensional accuracy than the directed energy deposition (DED) method, which is also widely used for metal fabrication. Moreover, the high-energy density and the exclusion of sacrificial binders in the PBF process enable almost complete densification of metal parts, which makes it superior to binder jetting, another metal AM method. Overall, PBF meets the specific requirements of metal implants: geometric freedom without rigid support, high dimensional accuracy, high performance, etc. [23] [24] [25] .
To date, the vast majority of metal porous scaffolds by PBF have been made of nondegradable metals such as titanium alloys [26] [27] [28] , pure titanium [29] , stainless steels [30] , tantalum [31] , NiTi [32] , and CoCr alloys [33] . PBF technology was also used to prepare biodegradable bulk metallic glasses (BMG) owing to its rapid solidification rate [34, 35] . Iron-based BMG was fabricated by L-PBF with a larger thickness than the critical value made by casting [34] . Currently, the spot size of the laser and electron beams is 50-100 and 200-400 lm; suitable powder size is 20-50 and 50-100 lm; the thickness of each powder layer is 20-80 lm and approximately 100 lm, respectively, for the common L-PBF and EB-PBF processes [23] [24] [25] . Thus, the forming accuracy of L-PBF is higher than that of EB-PBF, which is helpful to decrease the dimensional deviation between as-built geometry and the designed geometry. Vacuum used in EB-PBF is better for avoiding impurities in the process. However, the massive evaporation of Mg and Zn during melting under a high-energy beam makes EB-PBF unable to process Mgand Zn-based metals.
PBF of metals involves phase transformation, melting, and solidification. Many challenges exist to achieve eligible products [23] [24] [25] . From a physical perspective, discrete powders are transformed into solid structures with a designed geometry; formation defects such as inner discontinuity (pores and cracks) and distortion may occur under improper processing conditions; considerable difference may occur between as-built geometry and the designed geometry. Regarding chemical aspects, chemical composition changes after processing due to oxidation, microsegregation, and burning loss of alloy elements; microstructure is refined and exhibits oriented growth due to the high cooling rate and the directional heat dissipation. Thus, precise processing control is necessary to obtain minimized geometrical error and expected properties [25] .
Densification is widely used for the evaluation of formation quality and the optimization of processing parameters during the PBF process. Two categories of density (or porosity) are often mentioned for metal porous scaffolds. One category refers to interconnected cavities formed by the geometric structure, so-called designed pores, which are fabricated purposely with a certain shape and quantity. They are necessary to adjust the strength of metal scaffolds to avoid stress shielding effect and to provide space for the growth of cells and tissues into scaffolds [36] . Another category indicates formation defects with random and separated cavities caused by improper processing conditions, so-called processing pores, which are unexpected and impair the performance of metal scaffolds. For porous scaffolds, the processing pores are located inside struts. Densification means the prevention of processing pores during the PBF process. High densification indicates a stable process and good formation quality. Relative density can be controlled to a level higher than 99.5% for a successful L-PBF of bulk metals [20] .
The first clinically approved AM metal implant in the world was made by EB-PBF of Ti alloys in Italy, which had a customized geometry and porous structure based on the acetabular cup of patients. It received the CE mark in July 2007 and was soon commercially launched [37] . Currently, it has become a mature operation, and the implantation number has leaped to tens of thousands in the world. An early clinical study of L-PBF-produced implant was reported in 2012 in Belgium. A woman encountered a serious injury in her mandible, and an L-PBF part made of Ti alloy and coated with hydroxyapatite was implanted to replace the injured mandible [38] . In 2014, an EB-PBF-produced Ti alloy vertebra was successfully implanted in China to replace the cancerous segment of a boy's spine [39] . It was the first AM-produced metal implant that was approved by China Food and Drug Administration (CFDA). To date, all the clinically proved AM metal implants in the world have been made of nondegradable metals. As biodegradation is regarded as a necessary property for ideal implants in bone tissue engineering, AM of biodegradable metals is drawing increasing attention.
Additive manufacturing of biodegradable implants
Additive manufacturing of Mg-based biodegradable metals
The density of pure Mg is 1.74 g/cm 3 , which is nearly one-fifth of that of Fe. The ultimate tensile strength of pure cast Mg samples is approximately 90 MPa. With proper alloying and processing, strength of Mg alloys can increase to 200-300 MPa [40] . They are widely used as lightweight engineering materials. The alloying elements in biodegradable Mg alloys must be biocompatible, which is the biggest difference when compared with industrial Mg alloys. Biocompatible elements such as Zn, Ca, Sr, and Si, as well as rare earth elements such as Nd, Y, Gd, and Sc, are considered suitable for biodegradable Mg alloys [5] . There are mainly two processing challenges for PBF of Mg-based metal powders: severe evaporation and high chemical reactivity. EB-PBF is not suitable to melt Mgbased metals, as evaporation products damage the propagation of electron beam in the vacuum.
In early 2010, Ng et al. [41] published the first report on the feasibility of L-PBF of Mg powder. A miniature L-PBF system equipped with a Nd:YAG laser was used to melt single tracks of pure Mg powders in a shielding gas atmosphere at ambient pressure. Large areas of sintered powder, ejecting from the molten pool due to severe evaporation, were observed around the tracks. Oxidation was found to occur inside the track. Later, the same group performed multi-layer melting of pure Mg powders and studied the effect of processing parameters on the formation quality and microstructure [42] . A pulsed laser helped to improve surface quality compared to a continuous laser because the pulsed laser exerted higher peak power to melt the oxide layer of powders. With both types of laser, the presence of severe porosity was confirmed in L-PBF samples. Fine equiaxed grains of a-Mg phase were observed due to a rapid cooling rate and short solidification time. An increase in the laser energy density led to a decrease in the cooling rate, and hence an increase in the a-Mg grain size and a decrease in hardness for L-PBF samples [42] .
In 2012, Zhang et al. [43] reported L-PBF bulk samples made from mixed powders of pure Mg and pure Al, and the obtained relative density was only 82%. Large quantities of research were carried out to optimize densification during L-PBF of Mg-based powders by adjusting laser energy input and scanning strategy [44] [45] [46] [47] [48] . Additionally, preheating [49] and a special processing chamber with overpressure [50] were also reported. The mechanical properties of L-PBF-produced Mg alloy samples were first reported in 2014, using AZ91D powder [51] . The obtained relative density was 99.5%. The hardness, as well as tensile strength, was superior to those of die-cast AZ91D. Jauer et al. characterized mechanical properties and microstructure of L-PBF-produced WE43 bulk samples. Higher strength was found in as-built samples than in as-extruded and as-cast samples [52] . Shuai et al. investigated the in vitro corrosion behavior of L-PBF pure Mg bulk samples by using the SBF immersion test [53] . Later, they obtained different alloyed Mg powders by mechanical milling and studied the microstructure, electrochemical behavior, in vitro degradation and biocompatibility of L-PBF samples of those powders, including Mg-xZn [54] , Mg-xMn [55] , Mg-Sn [56] , Mg-xAl-Zn [57, 58] , Mg-Sn-Zn [59] , and Mg-Zn-Zr alloys [60, 61] .
In 2015, Jauer et al. first demonstrated a porous scaffold made up of Mg alloys AZ91 by L-PBF. This is the first solid step toward AM manufacturing of biodegradable Mg implants with designed porous structure [62, 63] . In 2017, they demonstrated a WE43 Mg alloy porous scaffold with customized geometry in accordance with the shape of a human mandibular scanned by CT [64] . Fig. 2a -c shows the pictures of their obtained porous samples. Li et al. first studied in vitro properties of Mg alloy porous scaffolds produced by L-PBF of WE43 powder [65] . Diamond lattice was adopted to construct a cylindrical porous scaffold, the design of which was the same as that of iron scaffolds prepared by the same group [73] , as shown in Fig. 2f . It had a strut size of 400 lm and a pore size of 600 lm, resulting in a relative structural density of 67% (design value). The assembled scaffolds showed an average strut size of 420 ± 4 lm and porosity of 64 ± 0.2%. The mechanical properties of the L-PBF scaffolds were high enough for proper mechanical support and within those reported for trabecular bone, even after 4 weeks of biodegradation in SBF. Approximately 20% volume loss was observed after 28 days. After direct contact with MG-63 for 72 h, scaffolds showed cytotoxicity of less than 25%. Table 1 summarizes key information from published studies on the development of L-PBF of Mg-based metals.
Additive manufacturing of Fe-based biodegradable metals
Fe shows a relatively slow corrosion rate compared to Mg and Zn, which is one of the main limitations for biodegradable applications. Porous scaffolds can accelerate degradation because of the enlarged surface area [66] , which allows AM-produced Fe porous scaffolds to be a promising technology for potential biodegradable applications. The present study of biodegradable Fe has focused on the application to vascular stents, and AM technology may promote its further use in orthopedic applications in the shape of porous scaffolds. The strength and manufacturing of Fe are similar to those of stainless steel 316L [1] . The considerations of processing control are quite similar between Fe-based biodegradable metals and stainless steels.
In 2003, Simchi et al. [67] studied the effect of processing parameters on the microstructure and densification of pure Fe powders. The highest relative density was less than 75% due to limited laser power. Later in 2004, Kruth et al. [68] obtained a density as high as 91% using a pulsed laser and Fe alloy powder. The resulting maximum bending strength was 630 MPa. They also pointed out that evaporation played an important role in densification during laser melting, especially when the laser power density reached more than 10 6 W/cm 2 . Demir et al. [67] compared the processing parameters and the formation quality of pure Fe and 316L powders and found that these two materials showed a rather similar tendency in the L-PBF process. Song et al. [69, 70] found that rapid and directional cooling resulted in elongated fine grains along the direction of construction, which was the most significant strengthening mechanism for L-PBF bulk samples. By applying vacuum annealing, refined equiaxed grains were obtained, and the residual stress was almost eliminated.
Several studies have attempted to manufacture Fe porous scaffolds. By binder jet printing of Fe-30Mn powders, Chou et al. obtained a porous scaffold and studied degradation and cytocompatibility of printed samples by in vitro test [71] . Electrochemical corrosion test showed that the 3D printed Fe-30Mn corroded significantly faster than pure iron. The printed scaffolds exhibited similar tensile properties to those of natural bones, which reduced the risk of stress shielding. Yang et al. [72] manufactured pure Fe porous scaffolds coated with nano-sized hydroxyapatite by binder jetting, as shown in Fig. 2d and e. They concluded that 3D printing combined with surface coating enabled promising applications of Fe in bone tissue engineering. Both of the above studies showed that compressive yield strength and Young's modulus of Fe porous scaffolds were in the range of those of natural bones after the optimization of structural porosity. In vitro test results showed accelerated corrosion rates and good cytocompatibility. Li et al. [73] studied in vitro properties of L-PBF pure iron porous scaffolds, as shown in Fig. 2f . After 28 days of SBF immersion test, the elastic modulus and yield strength of porous Fe decreased by 7% and 5%, respectively. The weight loss was 3.1%, much larger than that of bulk Fe sample. Table 2 summarizes the key information of published studies on L-PBF of biodegradable Fe metals.
Additive manufacturing of Zn-based biodegradable metals
The ultimate tensile strength of pure casting Zn is approximately 20 MPa. With proper alloying and processing, the strength of Zn alloys can increase to 200-600 MPa, higher than that of Mg alloys [1] . The degradation rate of Zn is between Mg and Fe, which is regarded a promising value for biodegradable applications [74, 75] . Zn can be melted in air and has a much higher evaporation tendency than Mg. Severe spatter and porosity were well reported during laser welding of Zn-coated plates because of massive evaporation [76, 77] . Compared with laser welding of Zn-coated bulk metals, the evaporation is more severe due to long-time laser melting of numerous tracks during L-PBF of Zn powders. It is regarded as the most challenge how to deal with evaporation for L-PBF of Zn-based metals.
Montani et al. [78] published the first peer-reviewed paper on L-PBF of pure Zn powder in 2016. The highest relative density of L-PBF bulk samples was only 88%. The low densification was attributed to unstable laser energy deposited on the powder bed due to the attenuation of the laser beam by small particles inside the evaporation fume. Demir et al. [79] in the same group tried L-PBF of pure Zn powder in the open air with an auxiliary purge gas stream. Cubic parts with a density of more than 98% were obtained when laser energy was in the range of 40-115 J/mm 3 . The maximum density was approximately 99% under very limited conditions. An infrared camera was used to capture the behavior of fume and spatter. A large deviation of the evaporation fume intensity, indicating a large variation in the laser energy absorbed by the powder bed, correlated with the occurrence of a low densification [80] . Lietaert et al. [81] testified that water-and air-atomized Zn powder was unsuitable for the L-PBF process. With a customized machine and nitrogen-atomized pure Zn powders, he obtained cubes of pure Zn with the highest density of approximately 99.70% under one processing condition.
Wen et al. [82, 83] systematically studied the effect of processing parameters on densification, surface quality, and mechanical properties during L-PBF of pure Zn powders. With a customized gas circulation system and processing optimization, the relative density consistently exceeded 99.5% in a wide processing window. The L-PBF samples showed higher hardness and tensile strength than traditional processing methods. Pure Zn stents and porous scaffolds with different designs were achieved in good formation quality. Surface treatment including sandblasting and electrochemical polishing was used to improve the surface quality of L-PBF samples [22] . The manufactured pure Zn scaffolds are shown in Fig. 2g -i. The evaluation of mechanical and biological properties of those porous scaffolds is on-going.
Wang et al. [84] investigated the corrosion rate of laser melt Zn-Zr alloy bulk samples in SBF and found a significantly lower corrosion rate than that of casting samples. Yang et al. [85] studied the effect of Mg content on the strength and corrosion rate of L-PBF produced Zn-xMg (x = 0-4 wt%) bulk samples. With increasing Mg content, the strength increased and the elongation decreased. The L-PBF pure Zn samples showed a relatively higher corrosion rate in SBF by immersion test, 180 lm/y, than the commonly reported value in literature, 10-90 lm/y. With increasing Mg content, the corrosion rate decreased to 110 lm/y for Zn-4 Mg. They also found that Zn-3 Mg L-PBF samples showed better cytocompatibility with human MG-63 cells. Table 3 summarizes the key information from published studies on L-PBF of Zn and its alloys. The evaluation of properties of porous Zn metals is still a blank field. One of the main reasons for this is the big challenge to obtain stable formation quality for L-PBF of Zn-based powders,
Significant technical factors of AM for biodegradable metal implants
3.1. Material properties related to L-PBF process Although many biodegradable alloys have been developed and tested recently, they are mainly bulk metals based on traditional manufacturing processes. Table 4 shows the main material properties of biodegradable metals related to the L-PBF processing [83] . The properties of Fe can be used as a benchmark for comparison, as L-PBF of steels has been proven and is well known in literature. The melting point and boiling point of Mg and Zn are relatively low. The temperature gaps between melting and boiling are quite small and less than 500 K, while the gap of Fe exceeds 1300 K. Mg and Zn show a very high evaporation tendency during melting, which has been reported during laser welding of Mg alloys [86] and Zn-coated steels [76, 77] . Compared to welding, evaporation has a much stronger impact during L-PBF because of higher laser absorptivity of powder, lager melting volume, and the closed atmosphere.
As mentioned, a specially designed gas flow is necessary to blow off evaporation fume for L-PBF of Mg and Zn. The same technique was also used in laser welding of Mg alloys and Zn-coated steels [77, 87] . The density of Zn is similar to that of Fe and higher than that of Mg. A slightly higher density facilitates the spread of powder and reduces concerns on the disturbances to the powder bed from gas flow. The surface tension and viscosity of Mg and Zn in the molten state are very low, which is beneficial to the L-PBF process. Oxidation is another significant factor to consider. Mg is very reactive to oxygen. The powder form used in L-PBF greatly increases surface area and can cause a serious explosion without special treatment. The melting point of MgO is 2852°C, which is much higher than that of Mg and its alloys. The presence of a surface oxide film on the preceding layer impedes interlayer bonding because the liquid metal usually cannot wet the oxide films [88] .
Powder preparation
Powders designed for AM process are quite limited. The availability of appropriate powders has been one of the biggest obstacles for the development of AM of biodegradable metals. General requirements for AM powders include spherical shape, uniform size distribution, high density without defects such as pores and inclusions, etc. Powders are usually produced by gas atomization (GA) process, where a stream of molten metal is atomized due to a high-pressure neutral gas jet into small metal droplets, thus forming metal powder particles after rapid solidification. Compared to GA powder, water atomization (WA) powders are in irregular shape with a greater oxygen content, which is considered inappropriate for L-PBF process. The influence of powder characteristics on the stability and quality of L-PBF processes, as well as powder production methods, has been discussed in many literature sources [89] [90] [91] .
Mg is very reactive to oxygen and easily causes a strong exothermic reaction, especially in the powder form. It is recommended to passivate Mg powders by oxidation during atomization to ensure safe handling during transportation and operation. Sometimes, Mg powders are even atomized under argon atmosphere, by mixing with 1-2% of oxygen. Thus, there is a more or less stable oxide layer on Mg powders. However, oxygen in the powder has a negative effect on L-PBF process. More laser energy is required to melt the oxide layer, which in turn aggravates evaporation because of the higher temperature in the molten pool and increases the formation of pores and inclusions. Hu et al. [92] found that smaller Mg powders with a mean size of 25.85 lm require less laser energy input than powders with a mean size of 43.32 lm during L-PBF process.
Severe oxidation and balling phenomena were observed for samples made from fine powders because the temperature of the molten pool was higher than that of coarse powders with the same energy input. When using fine powder, poor formation quality was observed with grooves on the surface. Such defects were not found in the case of coarse powders. Fig. 3 shows different kinds of atomized pure Zn powders under SEM observation. Demir et al. [79] sifted WA pure Zn powders, as shown in Fig. 3a , into two groups: 9 and 15 lm of average size.
Compared to coarse powders, fine powders were more sensitive to laser energy variations. It was difficult to obtain dense parts by using fine powders. Lietaert et al. [81] compared two types of GA powders: P1 by air atomization and P2 by nitrogen atomization.
The mean size was 29 and 39 lm, respectively, as illustrated in Fig. 3b and c. P1 powder was clearly less spherical and contained a larger amount of very small particles than P2 powder. P1 powders showed poor flow ability and failed to have dense parts. Although pores were observed at the cross sections of powders as shown in Fig. 3d , relative density of more than 99.5% was obtained under the limited processing condition for L-PBF cubes. Wen et al. [82] used nitrogen-atomized powder with mean size of 28.4 lm as shown in Fig. 3e . There were very few pores found at the cross section of powders as shown in Fig. 3f . The good characteristics of powder helped to obtain very high densification steadily.
Processing optimization
L-PBF requires a careful selection of processing parameters to melt discrete powders by numerous tracks and layers into a con- Table 4 Properties of biodegradable pure metals related to L-PBF process [83] .
Properties
Unit tinuum structure with designed geometry and properties. Without delicate processing control, formation defects may occur, such as pores, lack of fusion, inclusions, cracks, and distortion. The asbuilt structure may deviate much from the designed geometry. It was reported that there were more than a dozen parameters related to the L-PBF process [25] . The input of laser energy is considered as the most important processing factor and is incorporated into one equivalent index: the specific laser energy density Ev, as shown in Equation 1. The unit of Ev is J/mm 3 , representing the input laser energy that is available per unit volume. Generally, there are three regions of different Ev that describe the effect of laser energy on formation quality [23] . If Ev is too large, the melting will be too violent and excessive evaporation will occur. If Ev is too small, the energy is not enough to melt all the powders. Thus, there is a processing window for the appropriate Ev. Furthermore, processing parameters such as spot size and layer thickness determine the finest dimensional accuracy that L-PBF is capable to produce.
where Ev is the specific laser energy density, P is the laser powder, V is the scanning speed, Hs is the hatching space, and Ds is the layer thickness.
Considering the interaction between laser energy and metal powders, when the power density (laser power divided by the area of laser spot) exceeds a threshold, typically approximately 10 6 W/ cm 2 , a slender cavity arises due to the recoil force of evaporation, which is commonly referred to as a keyhole [25] . Massive fume and spatter were observed during L-PBF of Mg and Zn, as shown in Fig. 4a . Evaporation fume was captured during L-PBF of AZ91D powder [93] as shown in Fig. 4b . The entrapment of metallic vapor is attributed to a severe porosity in the molten pool. The porosity tendency is related to the vapor volume and the keyhole behavior. Nevertheless, the evaporation fume contains a large amount of small particles that scatter the laser beam. Some particles can spatter onto the transmission mirror, which obscures the propagation of the laser beam. The attenuation of the laser energy can drastically increase the processing porosity due to a collapse of the keyhole and an unstable melting process. Additionally, the evaporation also leads to a burning loss of evaporative elements such as Mg and Zn.
Gieseke et al. [49] increased the processing pressure to 0.3 MPa, which increased the boiling point of Mg by 127 K to 1493 K to inhibit evaporation of Mg powders during L-PBF. However, the effect of increased pressure was limited, and the overpressure chamber was dangerous. To avoid aggregation of evaporation particles inside a closed chamber, Jauer et al. [62] used a customized gas circulation system to eliminate the negative effect of evaporation fume on formation quality during L-PBF of AZ91D and WE43 powders. Later, Wen et al. [82, 83] employed this technique to L-PBF of pure Zn powder. Fig. 4c shows an illustration of the processing chamber with a specially designed gas circulation system. Evaporation fume was suctioned out efficiently, as shown in Fig. 4d . They also performed numerical simulation of the effect of the gas flow system design and the laser energy on the elimination of evaporation fume. Fig. 4e shows the calculated behavior of evaporation fume during L-PBF of pure Zn [22] . Proper gas circulation conditions are related to the laser energy input and the melting volume of the powders per unit time. Numerical analysis can be a powerful tool for obtaining optimized gas circulation conditions to eliminate the negative effect of evaporation on the L-PBF process.
The burning loss of elements leads to a change of chemical composition after the L-PBF process as compared to that of the original powders. During the L-PBF of AZ91D powders [51] , the content of Mg decreased from 90.23 to 88.03 wt% with Ev increasing from 83.3 to 166.7 J/mm 3 , and the Al content increased from 8.31 to 10.98 wt%, signifying that a higher Ev led to higher burning loss of Mg, as shown in Fig. 5a . Furthermore, the content of brittle phases and the solubility of solute elements in the a-Mg matrix increased simultaneously with increasing Ev. Similar results were observed by Jauer et al. during L-PBF of AZ91D powder [62] and WE43 powder [52] . The content of yttrium and rare earth elements in L-PBF samples increased to 4.28 and 3.28 wt% from 3.48 and 2.33 wt% in WE43 powder [52] . In the case of ZK60 alloys [94] , the absolute mass of Mg and Zn decreased with increasing Ev. However, compared with the used powder, the content of Mg increased after L-PBF, as shown in Fig. 5b , as the evaporation rate of Zn was greater than that of Mg.
Formation quality
Densification and surface roughness are the most important aspects regarding the L-PBF formation quality. They are both related to the melting of powders. High densification usually indi- cates good surface quality and vice versa. Many reports can be found on densification behavior of biodegradable metals during L-PBF [43, 46, 51, 67, 78, 79, 92, 95] . Initially, densification increases with increasing laser energy input to melt all the powders and then decreases because the excessive laser energy leads to an unstable keyhole and too strong evaporation. The relative density of all L-PBF samples reached more than 99.50% under optimized processing conditions for Mg, Fe, and Zn, as shown in Tables 1-3 , comparable to L-PBF of titanium and CoCr alloys [96] and much better than conventional casting [97] . Fig. 6a shows the processing window of AZ91 powder with changing scanning speed and hatch spacing [51] . In zone A, highenergy input with Ev above 214 J/mm 3 caused a very high temperature in the molten pool and serious evaporation. The evaporation exerted a high recoil pressure on the molten pool and caused a failed L-PBF process. In zone B, samples without obvious macro defects were built in a proper range of Ev between 83 and 167 J/mm 3 . The highest relative density was 99.52% at 166.7 J/mm 3 . In zone C, where Ev was in the range of 66-77 J/mm 3 , a balling effect arose at the surface of L-PBF samples. Molten pool generated at relatively low laser energy was unstable; hence, scanning tracks decomposed into discrete droplets. Finally, in zone D, where Ev was below 58 J/mm 3 , loose samples without mechanical strength were obtained due to incomplete fusion of the powders. Fig. 6b shows the processing window for pure Zn powder with varying laser power and scanning speed [83] . On the one hand, the lack of fusion occurred between the passes and the layers, as shown in the upper left corner, where Ev was low. The pores, caused by lack of fusion, were usually in irregular shape and were located at the corner of the tracks and layers. On the other hand, pores occurred in the lower right corner, where Ev was high. These pores resulted from gas entrapment. They were normally circular and distributed randomly. With further increase in Ev, evaporation became quite strong to cause a burst of solidified materials after a number of layers. High densities of more than 99.50% were achieved in a wide processing window, as shown in the highlighted gray zone with Ev from 60 to 135 J/mm 3 . The optimized Ev for L-PBF of Zn was lower than that for Mg, which can be explained by the extra energy necessary to melt the MgO film during L-PBF of Mg-based powders.
Thus far, most investigations on densification have been based on solid cubes. Porous scaffolds are manufactured by forming continuous struts from discrete powders in a designed tool path. For commonly used L-PBF machines, the finest achievable diameter of the struts is approximately 300-500 lm, considering that the size of laser spot is generally approximately 80 lm. The width of the molten pool is normally approximately 2 or 3 times the spot size and depends on the laser power and scanning speed. The scanning strategy is highly significant to densification, considering that there are only a tiny number of tracks to melt powders, which form the struts of porous scaffolds. Demir et al. [98] compared two scanning strategies: linear hatching and concentric scanning. They found that concentric scanning was more suitable for generating fine structures. The appropriate laser energy input for concentric scanning was lower than that used for linear hatching. Similar conclusions were drawn in other literature sources [99, 100] . According to Bagheri et al. [101] , the struts, horizontally built with regard to the assembly plane, were clearly overmelted and thicker than expected. With increasing building angles, struts showed a decrease in overmelting and thickness. Struts, vertical to the build plane, illustrated the best formation quality. They predicted a deviation of the thickness of struts as a function of building angles and developed a compensated scanning strategy.
Surface modification
A smooth surface is critical to prevent fatigue failure. Surface roughness also plays an important role in the interaction between implants and cells. Because of the attachment of powders, the surface roughness of L-PBF parts cannot be used in as-built state for most applications [102, 103] . Sandblasting is commonly applied to improve surface quality. Based on Wen et al. [83] , the average Sa value (arithmetical mean height of the area) ranged from 9.15 for L-PBF samples of stainless steel was approximately 20 lm and 5 lm, respectively, for the as-melt status and after sandblasting [104] . For L-PBF of Ti6Al4V, Ra was 20 lm for the as-melt and 11 lm after sandblasting [21] . For L-PBF of Mg powders, the asmelt Ra was 38.6-51.8 lm and reduced to 19-33 lm if using preheating to 180°C [50] . The reported higher roughness of L-PBF Mg samples may be due to a low densification resulting from improper processing control.
For porous scaffolds, it is difficult to obtain a homogeneous surface effect by sandblasting due to the delicate interior cavities. Sandblasting can only work on external surfaces. Chemical or electrochemical polishing by immersion is much suitable for porous scaffolds. Fig. 7 shows the surfaces of struts of pure Zn porous scaffolds under different surface status [22] . The as-built surface of L-PBF struts was covered with numerous particles of various sizes. After sandblasting, most of the attached particles were removed or flattened due to the colliding impact. Several holes and crevices remained random, as well as the adhesion of deformed films, where rapid corrosion was expected at the initial stage of biodegradation. Nonuniform degradation rate can cause early failure of scaffolds. After chemical polishing plus electrochemical polishing, the surface quality of the struts improved significantly, as shown in Fig. 7c . All attached particles disappeared. The diameter of the struts became homogeneous and decreased to approximately 250 lm after polishing, while the designed value was 300 lm. To obtain the expected dimension, the reduction of the diameter has to be considered in advance if surface polishing is used.
Surface modification has been widely studied for biodegradable metals to improve degradation behavior and other bio functions [105] [106] [107] [108] . With porous structure, the weight loss of Mg will be much faster, which makes surface modification more necessary to control degradation rate. However, it is a tremendous challenge to obtain uniform surface/coating for porous scaffolds due to the delicate interior pores as mentioned before. More studies are required to develop surface modification technology for AMproduced structures and to study its effect on properties.
Structural design
Metallic bone grafting implants should have interconnected pores with the appropriate shape/size/quantity to realize cell ingrowth. The ultimate tensile strength of compact bone is approximately 125-205 MPa with elastic modulus of approximately 18 GPa for a healthy adult [109] . Porous scaffolds are also purposed to relieve the mismatch of mechanical properties between metals and bones and to solve the problem of stress shielding. The outline shape of metal implants should smoothly fit to the surrounding organs to form a reliable load support and optimize the stress conductivity [36, [110] [111] [112] [113] [114] . In addition, metallic bone implants should degrade along with bone regeneration and disappear when the natural bone finishes remodeling and restores function [115] [116] [117] [118] .
AM of biodegradable metals can realize customized structures with a designed geometric shape and delicate pores inside, which theoretically satisfy all the above criteria. However, in reality, one of the biggest obstacles is how to design porous scaffolds according to clinical needs. The influence of geometric features on mechanical and biological properties is interrelated and needs to be clarified. For example, an increase in porosity can lead to better cell ingrowth but at the expense of losing strength [119] [120] [121] . Future studies should focus more on the properties of porous scaffolds rather than those of bulk metals in the application of bone grafting. Thus far, structural design has been carried out to improve performance of nondegradable porous metals. Topological optimization [109, 122] and numerical modeling [123] [124] [125] [126] [127] [128] [129] have become powerful digital tools for the optimal design of nondegradable metal implants.
Despite the fact that the general principles of designing metallic bone implants can be obtained in accordance with previous studies, many of them are not based on an independent change of a single factor. The design must, nevertheless, take material and processing into account. For example, support beams must be designed in advance for overhanging structures; dimensional accuracy depends on manufacturing ability [130, 131] . Only a good understanding of the relationship between material, design, manufacturing, and properties can finally lead to an ideal performance of metallic bone implants [132] [133] [134] [135] [136] .
Compared to nondegradable metal implants, the design of biodegradable metal implants becomes more complicated because degradation is another key factor determining their timedependent characteristics. Some optimal designs for nondegradable implants cannot guarantee good performance for biodegradable implants due to the continuous degradation and neo-tissue ingrowth [128] . It is rather challenging to quantify the effect of degradation on the mechanical integrity and cell growth and then to control the degradation process to achieve a better regeneration outcome. The mechanical properties required by the host tissue are the most important criteria for the geometric design of biodegradable metal implants like what has been already reported for nondegradable metal implants. However, the degradation continuously decomposes the implant and reduces the loading capacity, which may lead to a premature failure. More importantly, the released degradation products, in turn, play a role in bone regeneration [115] . With understanding of the effect of degradation on mechanical integrity and bone regeneration, it is necessary to design a geometric structure with customized material distribution to ensure a balance between the degradation rate and bone reconstruction. Ideal biodegradable metal implants can be topologically optimized with a gradient structure of multiple materials and a functionalized surface. Numerical modeling can be a powerful tool that saves time and money to achieve the best design [128, 129] . 
Microstructure and mechanical properties
During the L-PBF process, metal powders endure melting and solidification. The resulting microstructure is determined by both the chemical composition of powders and the processing conditions of L-PBF. The high temperature in the molten pool not only reduces the number of heterogeneous nucleated particles but also causes the burning loss of elements. The fast travelling molten pool is very small and surrounded by powder and solidified metal. Compared with 1-10 2 K/s during conventional casting processes, the cooling rate during L-PBF can reach 10 5 -10 6 K/s [137] . The direction of the fastest heat dissipation is perpendicular to the substrate and along the building direction. Fig. 8a and b show a comparison of the WE43 microstructure obtained using conventional casting and the L-PBF process [52] . Conventionally, cast WE43 alloys exhibited a coarse grain size of 44.3 ± 15.9 lm. Rapid cooling rates in the L-PBF process resulted in a highly refined grains of 1.05 ± 0.4 lm, even finer than the grain size of the powder extrusion samples of 1.3 ± 0.7 lm. Pawlak et al. reported refined grains of L-PBF AZ91D samples in the range of 1-20 lm compared to grain size in the range of 50-150 lm for cast samples. Thermal cycles of L-PBF favored the formation of a partially or fully divorced eutectic homogenously distributed along the grain boundaries of the columnar primary a-Mg [46] . Fig. 8c and 8d show the microstructure of L-PBF Fe samples from the side view and from the top view [70] . Because of the directional heat dissipation and grain growth, a different morphology was observed. The authors also showed that the heterogeneous microstructure with oriented columnar grains changed into homogeneous microstructure with refined exquiaxed grains after heat treatment. According to Fig. 8e and 8f , L-PBF pure Zn samples also showed oriented fine columnar grains along the building direction. The average width of the columnar grain was approximately 5.6 lm [83] . For pure Zn casting samples, the grain size ranged from hundreds of micrometer to approximately 1 mm; for hot rolling and extrusion samples, the average size could be as fine as 20 lm [138] [139] [140] [141] [142] . Furthermore, different L-PBF processing parameters can lead to a different microstructure. According to Shuai et al., the grain size of L-PBF-processed Mg alloy samples showed approximately 2, 4, 6, and 8 lm with Ev at 420, 500, 600, and 750 J/mm 3 , respectively [61] . Fig. 9 shows a comparison of the mechanical properties of Mg, Fe, and Zn samples under different manufacturing methods. The hardness and tensile strength of L-PBF bulk samples were higher than those obtained with conventional manufacturing, while the elongation of L-PBF samples showed a drop compared with rolling or extrusion. As shown in Fig. 9a , the tensile properties of the L-PBF AZ91D samples varied under different values of Ev. For L-PBF WE43 samples [52] , the tensile strength was equivalent to that of powder extrusion samples at approximately 308 MPa, but the elongation dropped to 12% compared to 22% of powder extrusion samples. The poor ductility was probably due to the formation of secondary phases which leads to a higher notch effect and very small pores in the L-PBF samples. Fig. 9b shows the mechanical behavior of L-PBF pure Fe samples [69] compared with annealed [66, 70] and electroformed [66] samples. As shown in Fig. 9c , the average values of hardness, elastic modulus, yield strength, ultimate strength, and elongation of L-PBF pure Zn samples were 42 HV, 23 GPa, 114 MPa, 134 MPa, and 10.1% respectively, which was better than those obtained by most manufacturing methods [83] . The superior mechanical properties were attributed to high densification and fine grains of the L-PBF samples. The reduction in grain size helps to increase strength, which is defined by the Hall-Petch equation as following [143] .
where r y is the yield stress, r 0 is the friction stress when dislocations glide along the slip plane, d is the average grain size, and k is the stress concentration factor.
Hall-Petch equation was originally developed for isotropic metals. Both Mg and Zn metals have a hexagonal close-packed (hcp) crystal structure and easily results in twin grains after plastic deformation. Yu et al. [144] figured out that the value of k increased with texture density for strongly textured Mg alloys. The dominant deformation modes changed due to different angles between the loading direction and the basal slip ([145] <112 � 0>) [146] . Wang et al. [147] found that the yield strength along the crystal orientation <101 � 0> in hot-rolled Mg samples was much higher than that in the vertical direction. Debroy [25] concluded [69, 66, 70] (c) pure Zn [83] . that the preferred growth direction of L-PBF hcp-structured metals was <101 � 0>. This factor greatly increased the strength along the building direction of L-PBF Mg and Zn samples. Additionally, there were less grain boundaries along the building direction than other directions in L-PBF samples, which exhibited slender lathy grains, as shown in Fig. 10d . Many studies have focused on the effect of oriented grain growth on mechanical properties at different loading directions [148] [149] [150] . The tensile strength, vertical to building direction, showed a slight drop, and the ductility decreased to a greater extent than those along the building direction [95, 148] , as shown in Fig. 10a and 10b . As for Mg and Zn metals with hcp structure, the effect of oriented grain growth on the mechanical properties is expected to be more distinct than stainless steel with fcc structure [83, 144] . Regarding porous scaffolds, there are struts built in different angles; hence, the effect of anisotropic structure on mechanical performance requires more investigation.
Biodegradation behavior
Considering the change of chemical composition and the processing related microstructure of L-PBF samples, unique corrosion behavior is expected. Grain refinement increases the corrosion rate due to the increased amount of grain boundaries theoretically. The influence of grain size on the corrosion rate was described by Gollapudi et al [152] :
where i corr is the corrosion current, A and B are constants, the values of which depend on the material composition or impurity level, d � is the mean grain size, and S n is the grain size distribution.
The high cooling rate produces very fine grains in L-PBF samples, and higher surface reactivity to corrosion is expected accordingly [151] . However, the above theory is based on metals whose corrosion is not massive. For biodegradable metal, a large amount of corrosion products also have a significant effect on the corrosion rate. Fine grain may result in a decreased corrosion rate in a passivated environment due to the formation of corrosion products. Several reports showed that the corrosion rate of Mg and its alloys decreased with decreasing grain size [153] [154] [155] [156] . A reduction in grain size resulted in more uniform corrosion products, which made it easier to form a dense layer of Mg(OH) 2 and MgO and therefore reduced the corrosion rate, as shown in Fig. 11a and b [152] . Obayi et al. [157] studied the effect of grain size on the corrosion rate of pure Fe and found that a reduction of grain size resulted in a decrease of the corrosion rate, similar to Mg-based metals, as shown in Fig. 11c .
The crystallographic texture affects the corrosion rate. Schultze et al. [158] found that the corrosion rate of bcc-structured Fe decreased at the close-packed crystalline direction because the dissolution of atoms was more difficult than that at the loose-packed direction. Pu et al. [159] found that textured AZ31 showed superior corrosion resistance if the crystallographic plane (0002) was the major plane parallel to the surface. Similar results was found in the extruded AZ31 samples with preferred grain orientation [160] . L-PBF samples of Mg and Zn have a strong texture with a preferred growth direction <101 � 0> as discussed before, which may contribute to an increased corrosion rate at the upper and lower surfaces of L-PBF samples.
Second phases and residual stress influence the corrosion rate as well. Yu et al. [161] found that the corrosion rate of Mg-Zn-Ca alloy increased with decreasing grain size and increasing the volume fraction of secondary phases, as shown in Fig. 11d . The secondary phase caused galvanic corrosion, which neutralized the effect of grain size. The effect of Mg 17 Al 12 (b phase) on the corrosion rate of AZ91 alloy was reported by Zhou et al. [162] . They showed that the secondary phase acted either as a galvanic cathode, which accelerated the corrosion rate, or as a corrosion barrier that delayed the corrosion rate. The specific effect depended on the Fig. 10 . Compressive stress-strain curves of L-PBF scaffold: a) Mg-Ca alloys [95] and b) 316L [148] ; IPF results of L-PBF 316L on different planes [148] : (d) xoy, e) xoz and f) yoz.
amount and the distribution of the secondary phases and was difficult to make a simple description. Residual stress changed the ''free energy state" of metal, which, in turn, affected the corrosion rate. Corrosion rate increased with increasing residual stress generally [151] .
The specific surface area may be the most important factor affecting the corrosion rate of metal porous scaffolds. A higher corrosion rate was observed in metal porous scaffolds due to the enlarged surface in contact with corrosive medium than in bulk metals [17] . Li et al. [65, 73] studied the corrosive behavior of L-PBF WE43 and pure Fe porous scaffolds. After 7 days of SBF immersion test, the weight loss of L-PBF porous WE43 was approximately 9%. The weight loss of the bulk WE43 plates with dimensions of 10 Â 10 Â 2 mm 3 was approximately 5%. After 28 days of SBF immersion testing, the weight loss of L-PBF porous Fe was 3.1% [163] . The weight loss of bulk Fe with a diameter of 10 mm and a height of 5 mm was only 0.5% [164] . The corrosion rate changes with changing the geometrical design of porous scaffolds, like porosity and surface roughness.
The corrosive rate of L-PBF biodegradable metal porous scaffolds is affected by multiple factors. Grain refinement theoretically increases the corrosion rate, and the passivated surface made up of corrosion products counteracts this effect. The strong texture of L-PBF samples causes anisotropic corrosion rate. The high cooling rate of L-PBF shows a strong influence on the morphology, amount, and distribution of the secondary phases; local heating and cooling may lead to considerable residual stress, both of which influence the corrosion rate. Overall, corrosion is much sensitive to the above factors. Although some general rules exist case by case, it is difficult to draw a general law on the effect of grain size on corrosion behavior, which actually is the same situation regarding the effect of alloying elements on corrosion rate [165] . Therefore, it is consid-ered an effective and necessary way to regulate corrosion rate to the expected value by appropriate surface modification regarding the real application of L-PBF biodegradable metal porous scaffolds.
Biocompatibility
The biocompatibility of biodegradable metal implants is largely determined by their chemical composition and degradation products. Thus, the primary consideration should be the strict use of biocompatible powders. The initial design of powder composition can comply with the knowledge learnt from the design of biodegradable bulk metals. However, the effect of burning loss of elements and the characteristic microstructure resulted by L-PBF must be considered in the second step. In addition, the inclusion of oxygen or any other impurities should be avoided during L-PBF process. Metal porous scaffolds exhibit a much higher corrosion rate than bulk metals, as discussed before. The endurance limit of degradation products must be carefully considered during structural design. Thus far, only in vitro cytotoxicity tests have been performed on biodegradable metal porous scaffold, as shown in Tables 1-3. There can be large differences between in vitro and in vivo tests. The corrosion rate in the in vivo test was reported to be 1-4 times slower than that measured by in vitro test for Mg alloys according to Sanchez et al. [166] . Quite a number of in vivo test results of biodegradable metal samples have been demonstrated for the application of vascular stent. The number of in vivo studies for orthopedic application has been only limited cases thus far [2, 167] . All of them are bulk metals obtained by conventional manufacturing methods. In addition to chemical composition and microstructure, the test result of biocompatibility is related to structure design, implantation position, and time. For example, Fig. 11. (a) and (b) Passivation in thr fine-grained microstructure and in coarse grained structure, respectively [152] . (c) Influence of grain size on corrosion rate of Fe [157] . (d) Influence of secondary phase and grain size on the corrosion rate of Mg-Zn-Ca alloys, reproduced with permission from [161] .
the results of pure Zn vascular stents were different from those of pure Zn wire, as blood flowed through inside and outside of real stents [165] . The measured value of corrosion rate in bone implantation was higher than that in artery implantation for pure Zn samples, and the value changed with implantation time [139, 168, 169] . As the biocompatibility of Zn-based metals is related to the concentration of Zn ion and the endurance of specific organs, it has to be considered case-by-case in vivo tests for different applications.
In vivo test results for L-PBF of nondegradable porous metal have been widely reported, like Ti alloy [170] and CoCr alloy [98] . The effect of structural design such as pore geometry, pore size, and porosity of porous scaffold had a huge influence on biological behavior [36] . More in vivo test results of biodegradable metal porous scaffolds are expected to truly evaluate their performance in terms of biodegradation and biocompatibility.
Concluding remarks and perspectives
The current research status on the additive manufacturing of biodegradable metals, including Mg-, Fe-, and Zn-based metals is reviewed. Laser powder bed fusion is found to be the ideal AM method for manufacturing biodegradable metal implants, as it allows precise control of complex geometry and detailed features of porous structures by precise placement of struts according to customized design based on clinical requirements. The resulting formation quality and clinical performance of AM implants depend on the material, design, and processing. Compared to conventional manufacturing methods, the integration of material, design, and processing in AM is much more prominent. Although much progress has been made in understanding and optimizing the AM process of biodegradable metals in recent years, the present development is still in its infancy. A considerable amount of studies are necessary before AM of biodegradable metals realizes clinical applications, as shown in Fig. 12 .
In material terms, the quality of the powder has a major influence on L-PBF processing and properties. Compared to a huge amount of biodegradable alloys developed for conventional manufacturing, a rather limited number of biodegradable alloys were investigated in powder form because of the lack of availability. As for Mg alloys, the WE43 powder was mostly investigated, whose chemical composition was clinically confirmed by conventional manufacturing. For Fe and Zn alloys, more studies are needed on the material design for alloyed powders. Mechanical milling has been a convenient way to obtain alloyed powders with the designed composition, but it can only obtain powders with deteriorated sizes and morphology, which is unable to guarantee formation quality. Much knowledge can be learnt from previous studies on bulk metals for the material design of biodegradable metal powders, but it is necessary to take into account the characteristics of L-PBF processing, such as the change of compositions due to evaporation and the unique microstructure due to specific processing conditions.
In structural design, porous scaffolds are recommended for orthopedics due to their good combination of mechanical performance and biological requirements. Similarly, many design principles can be referred from the optimal design of nondegradable porous scaffolds. However, the initial optimal design is unable to guarantee the performance of the biodegradable scaffolds because of the continuous degradation of the material and the neo-tissue ingrowth. It would be important to understand how dynamic chemical (scaffold degradation) and biological (tissue regeneration) evolutions affect the properties of scaffolds over the remodeling period. Porous scaffolds have a high specific surface area; hence, the degradation rate is higher than that of bulk samples. This may be beneficial for Fe-and Zn-based biodegradable metals but not suitable for Mg-based biodegradable metals. To adjust biodegradable performance and mechanical integrity more flexibly, a gradient structural or material design, as well as special surface modification, may be necessary for AM-produced biodegradable metal porous scaffolds.
The processing of L-PBF is the interaction between laser energy and metal powder, involving melting, solid phase transformation, and solidification. Without precise control of processing, the expected geometric structure and properties cannot be achieved. Densification and surface quality are widely used to evaluate forma- Fig. 12 . Significant technical factors of AM for biodegradable metal implants tion quality. Defects such as porosity, lack of fusion, voids, poor surface finish, residual stress, and distortion have been reported under inappropriate processing conditions. Stable formation quality should be the first priority for manufacturing; otherwise, the subsequent discussion of properties will lose its significance. Laser energy input and scanning strategy are significant processing considerations for the conventional L-PBF process. Evaporation should be especially taken into account during L-PBF process of Mg and Zn-based metals.
Although the mechanical properties of AM samples in many cases are comparable to those of their conventionally processed counterparts, properties may vary with processing parameters and show different values in different locations inside a single part. It requires great understanding of the material, processing, and evolution of the microstructure during specific thermal cycles during the L-PBF process to control mechanical properties. The approach of treating the structure and properties as homogeneous is clearly not appropriate for understanding the behavior of AM porous scaffolds. Thus far, all published data on the biological performance of AM porous biodegradable metal porous scaffolds have been based on in vitro tests, which cannot reflect the true facts for potential clinical applications. In the future, more in vivo tests are expected to promote the understanding of the relationship between biodegradable metal porous scaffolds and animals on the aspect of mechanics, chemistry, and biology. In addition, the following topics also deserve to be mentioned in relation to AM biodegradable metal porous scaffolds.
1) Functionalized surface. The as-melt surface of L-PBF scaffolds cannot be used directly. Surface modification technologies including powder removal, polishing, texturing, and coating are considered as necessary steps for the formation of a functional surface to improve the interaction between the scaffolds and cells and to adjust biodegradation rate. More technical development is needed to improve the efficiency and quality of surface modification for porous scaffolds. 2) Hybrid material and structure. Biomaterials such as ceramics, glass, polymer, protein, and cell can be integrated into biodegradable metal porous scaffolds to form a hierarchical system and realize more biological functions. The combination of multiple biomaterials can be associated with gradient structures because of AM technology. 3) From 3D printing to 4D printing. Biodegradation is a function of time. With a thorough understanding of the corrosion mechanism and the control of corrosion rate, 4D printing, taking time into consideration, makes biodegradable scaffolds available for a variety of applications: stents, bone fixture, bone substitution, drug delivery devices, sensors, and so on.
